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Synthetic vascular grafts are useful to bypass diseased arteries. The long-term 
failure of synthetic grafts is primarily due to intimal hyperplasia at the anastomotic sites. 
The accelerated intimal hyperplasia may stem from a compliance mismatch between the 
host artery and the graft since commercially available synthetic conduits are much stiffer 
than an artery. The objective of this thesis is to design a method for fabricating a vascular 
graft that mechanically matches the patient’s native artery over the expected physiologic 
range of pressures. The creation of an optimized mechanical graft will hopefully lead to 
an improvement in patency rates. 
The mechanical equivalency between the graft and the host artery is defined 
locally by several criteria including the diameter upon inflation, the elasticity at mean 
pressure, and axial force. A single parameter mathematical model (Strain Energy Density 
Function with one Invariant) for a thin-walled tube is used to describe of the final 
mechanical behavior of a synthetic graft. For the general problem, the objective would be 
to fabricate a mechanics-matching vascular graft for each host artery. Typically, 
fabrication parameters are set initially and the properties of the fabricated graft are 
measured. However, by modeling the entire fabrication process and final mechanical 
properties, it is possible to invert the situation and let the typical output mechanical 
values be used to define the fabrication parameters. The resultant fabricated graft will 
then be mechanically matching. As a proof-of-concept, several prototype synthetic grafts 
were manufactured and characterized by a single Invariant to match a canine artery. The 
 xiv 
resultant graft equaled the diameter upon inflation, the elasticity at mean pressure, and 
axial force of the native canine artery within 6%. 
An alternative to making an individual graft for each artery is also presented. A 
surgeon may choose the best graft from a set of pre-manufactured grafts, using a 
computer program algorithm for best fit using two parameters in a neighborhood. This 
method for the optimal graft selection process is demonstrated for a set of six prototype 
grafts. The design optimization problem was solved for both canine carotid and human 
coronary arteries. 
In conclusion, the overall process of design, fabrication and selection of a 











Three million Americans suffer cardiovascular diseases. Atherosclerosis, which is the 
main cause of cardiovascular diseases, narrows and stiffens the artery. This ultimately 
leads to the blockage of the artery with a high risk of heart attack and stroke. Bypass 
surgery is useful to bypass the diseased segments and restore the blood supply to the 
distal tissues. Almost 500,000 patients per year need a coronary artery bypass grafts 
(CABG) surgery in the U.S. Today, the patient’s veins or arteries are used as CABGs. 
However, in at least 30% of patients, the autologous conduits can not be used because of 
pre-existing disease or previous use [7]. Synthetic Vascular Grafts (SVG) would then 
provide an important alternative while reducing surgery time, recovery time, patient 
discomfort and complications. 
 SVG which are currently made of Gore-Tex (PET) or Dacron (ePTFE), are 
applied with great success for large vessels with high blood flow. Small diameter (<6mm) 
SVG exhibit a short term failure due to a thrombus formation and a late term failure due a 
local proliferation of cells that cause an occlusion. Their high occlusion rates make them 
unacceptable for use as coronary artery bypass grafts (CABG). Therefore, the need of a 




Atherosclerosis is one of several types of "arterio"-sclerosis, which is 
characterized by thickening and stiffening of artery walls, but the two terms are often 
used to mean the same thing. Atherosclerosis is a condition in which fatty material is 
deposited along the walls of arteries. This fatty material thickens, stiffens, and may 
eventually block the arteries. This lesion typically occurs near bifurcations as illustrated 
in Fig. 1.1. 
Atherosclerosis is a common disorder of the arteries. Fat, cholesterol, and other 
substances accumulate in the walls of arteries and form "atheromas" or plaques. 
Eventually, this fatty tissue can erode the wall of the artery, diminish its elasticity 
(stretchiness) and interfere with blood flow. Plaques can also rupture, causing debris to 
migrate downstream within an artery. This is a common cause of heart attack and stroke. 
Clots can also form around the plaque deposits, further interfering with blood flow and 
posing added danger if they break off and travel to the heart, lungs, or brain. Many 
physicians now suspect that there is an immune system component to the problem 
(inflammation may help cause atherosclerosis). When blood flow in the arteries to heart 




                                                 
 
* Based on MedlinePlus Medical Encyclopedia: Atherosclerosis 
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Medications (cholestyramine, colestipol, nicotinic acid, …) are usually the first 
step in treating cardiovascular diseases. Balloon angioplasty uses a balloon-tipped 
catheter to flatten plaque and increase the blood flow past the deposits. The technique is 
used to open the arteries of the heart and other arteries in the body. Another widely used 
technique is stenting, which consists of implanting a small metal device inside the artery 
(usually following angioplasty) to keep the artery open. Surgically removing deposits 
(endarterectomy) may be recommended in some cases. The invasive procedure of bypass 
surgery is reserved to end-stage atherosclerosis. It uses a normal artery or vein from the 
patient to create a bridge that bypasses the blocked section of the artery. In absence of a 
                                                 
 
† Based on MedlinePlus Medical Encyclopedia: Atherosclerosis 
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good autologous conduit because of pre-existing disease or previous use, synthetic 
vascular grafts are needed. 
 
1.3 Problems with current grafts 
 Current synthetic grafts are made of Dacron (PTE) and Gore-Tex (ePTFE). They 
are predominantly used for aortic/iliac with a relatively good five year patency rate of 80 
to 90% [26]. However, their high occlusion rates for diameters less than 6 mm make 
them unacceptable for use as CABG. The occlusion is either caused by the development 
of anastomotic intimal hyperplasia (IH) or thrombus formation [42, 56]. The occlusions 
can be classified into two major areas: 
i. Early failure that happenes within 30 days. 
ii. Late failure that occurs over 2 months to 2 years. 
These patency rates are fairly low compared to the patency rates of autologous conduits. 
The saphenous vein was reported with a ten year patency rates as high as 77% [30] and 
the internal mammary artery can maintain its integrity and relative freedom from 
atherosclerosis with follow up to 20 years [19]. Moreover, synthetics grafts are more 
involved in infections [26]. 
 The major cause of failure in the short term is typically due to thrombus 
formation. 90% of thrombosis on vascular grafts occur within 24 hours. Several strategies 
have been pursued to prevent thrombosis. One is to seed endothelial cells (ECs) on the 
luminal surface of the synthetic graft. Indeed, ECs prevent blood-borne platelet 
aggregations that usually cause the thrombosis. Several studies have demonstrated the 
ability to seed ECs on PTFE grafts [22]. Another technique is to present bioactive 
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molecules at the surface of the graft. The active agent can be presented by elution, 
attachment or bonding [27, 28]. The result is a local reduction of thrombosis [24]. 
 The long term failure is primarily due to the proliferation of smooth muscles cells 
(SMCs) and fibroblasts at the anastomotic sites [21]. This cellular lesion is called Intima 
Hyperplasia (IH). The resultant hyperplasia appears to be greatest at the downstream or 
distal anastomosis and is dependent on the graft material [48]. Physical forces are also 
involved in the formation and development of IH. An overview of the mechanisms 
resulting in the formation of IH reported in the literature is given in the next section. 
 
1.4 Theories on Intimal Hyperplasia 
IH may be an adaptative response with the remodeling of the media rather than an 
inflammatory response as white blood cells and monocytes are very rare in this lesion 
[15]. Many research groups were studying the possible mechanism resulting in formation 
of IH. Three stimuli are widely tested and reported in the literature: 
i. a low wall shear stress 
ii. a high solid mechanics stress 
iii. a mismatch in compliance and geometry 
They are all related to mechanics-mismatch between the graft and the host artery. 
 
Wall shear stress 
There is a widespread belief that low wall shear stress promotes the formation of 
IH [36, 37, 46; 49]. The intimal thickness appears to be strongly correlated to the inverse 
of the WSS as shown in Fig. 1.2. [26]. Arteries do not suffer from this low WSS because 
they adapt their diameter to maintain a relatively constant WSS. Synthetic grafts can not 
do this and are stiffer than native arteries as shown in Fig 1.3. 
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Figure 1.2: Graph of the anastomotic neointima thickness (mean 
± SEM) in relation to shear stress at the anastomosis [49] 









Figure 1.3: Circumferential stress strain relationship of 
several vascular prostheses and arterial tissues in 
circumferential direction [41] 
, 1: PET woven; 2: PTFE woven; 3: PET knitted; 4: PTFE knitted; 5: 
iliac artery; 6: distal abdominal aorta; 7: femoral artery; 8: proximal 
abdominal aorta; 9: distal thoracic aorta; 10: proximal thoracic aorta, 
11: Approximated mean circumferential stress [54] 
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Thus, any perturbation that creates low shear stress in the anastomotic sites will 
contribute to the formation of IH which leads to the occlusion of the graft. Because the 
WSS is proportional to the inverse of the diameter to the third power, the graft must be 
sized correctly. The shape and angle of the anastomotic junction for an end-to-side graft 
are very important. An unadapted angle may create vortices, returning or stagnating flow 
which would decrease locally the WSS, as illustrated in Fig. 1.4. For an end-to-end graft 









High solid mechanics stress 
Solid mechanics stress in the arterial wall contributes also to the formation and 
development of IH [11]. The thickening of the intima is observed at the anastomosis 
when low compliance grafts are used [9; 12]. The graft stiffness causes the arterial wall to 






Figure 1.5: Diameter isobars for 18 arteries 
anastomosed to 4 mm PTFE grafts [10] 
, (■) 0 mmHg, (○) 25 mmHg, (♦) 50 mmHg, ( ) 100 




The result of this bending is an increase of the axial and circumferential stresses at the 
anastomotic sites [32, 43]. The thickening in this area may be an adaptative response of 
SMC. It has been demonstrated that SMC produce EC and replicate when they are 
subjected to high levels of distension and tangential stress [48]. The production of EC 
and replication of SMC increases the amount of load bearing material and tends to 
maintain a uniform wall stress along the artery. 
 
Compliance and geometrical mismatch 
The concept of compliance (C) has been introduced to simplify the clinical 
approach to a very complex physical phenomenon [48]. Compliance is the mechanical 
property of a tube that expresses a change of diameter with respect to a change of 







where D is the diameter of the tube, and D∆  is the change of diameter with respect to the 
change of pressure. For a fixed deformed state, the compliance depends on the current 
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diameter/thickness ratio and on the incremental elastic modulus of the material of the 
tube. Thus, the compliance is a local descriptor of the vessel deformability around a fixed 
deformed state. 
The compliance mismatch between the graft and the host artery involves both low 
WSS and high solid mechanic stress mechanisms that promote the formation and 
development of IH. Some groups placed grafts of equivalent size and different 
compliance to identify the correlation between compliance mismatch and the formation 
of IH. An interpretation is that as compliance mismatch increases, patency decreases, as 





Figure 1.6: Data reported from compliance of various 




This result is concordant with the finding that autologous grafts, which have compliance 
more like the host artery, have better patency rates than synthetic grafts. Compliance 
mismatch is also related to other mechanisms that leads to vibratory weakening of the 
arterial wall, loss of EC viability and anastomosed aneurysm [14]. Today, it is a 
widespread belief that the mechanics mismatch caused by the difference in the 
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mechanical response of the graft and the host artery under physiological condition 
promote the formation and progression of IH. This mechanical matching is not possible 
over the physiologic range of pressure for Dacron and Gore-Tex grafts. A graft whose 
diameter matches the diameter of the host artery can easily be selected to normalize the 
mean shear stress. However, due to the high stiffness of these grafts, the matching can not 
occur for all deformed geometry of the artery during the cardiac circle. 
 
1.5 Hypothesis 
The hypothesis of this thesis is that a mechanics matching graft with 
biocompatibility, hydrophilicity, and geometric matching can be designed and fabricated 
to reduce intimal hyperplasia. 
 
1.6 Objectives 
The goals of this project are: 
i. To specify and design a mechanical matching vascular graft, 
ii. To build an example graft prototype, 
iii. To verify the mechanical properties of the graft prototype, 











2.1 Design concept 
A mathematical model (Section 2.3) based on the finite inflation and extension of 
a cylindrical thin wall tube made of an elastic material (with a SEF) is used to describe 
the end-to-end anastomosed graft. The mechanical equivalency between the graft and the 
host artery is defined mathematically by a criterion (Section 2.2). The model incorporates 
parameters usable for manufacturing a graft. Therefore, by solving the inverse inflation of 
an elastic tube that verifies the criterion, the fabrication parameters can be found. This 
procedure is called “design optimization” (Section 2.4.1). 
Before being able to apply the design optimization, the SEF in terms of material 
constants must be determined (Section 2.4.2 & 2.4.3). This determination is made by 
performing a typical pressure diameter experiment (Section 2.6) on a tube made of elastic 
material. 
 
2.2 Specification of mechanics-matching grafts 
The specification of a mechanics-matching graft is needed to define the deformed 




The graft is mechanically equivalent to its host artery at a given pressure when 
their pressure-diameter curves are tangent and the axial force is restored. This is 
equivalent to say that for a given pressure, the slope of the pressure diameter curves, the 
diameters and the axial forces are the same for the graft and the host artery. 
 
Mechanics matching criterion 
The chosen criterion of mechanics matching requires that the mechanically 
equivalency occurs at the mean pressure. In the following this criterion is called the “one-
point” criterion. As the Peterson modulus is equal to the slope of the pressure diameter 
curve multiplied by the mean diameter, the one point criterion is written as follows 
 iam ir r= , pam pgmE E= , zam zgmF F= , (2.1) 
where ir  is the deformed radius of the graft, iamr  is the deformed diameter of the artery at 
the mean pressure, pE  is the Peterson modulus, zF  is the axial force, and the subscripts a 
and g stand for artery and graft and m stands for value at the mean pressure. 
 
2.3 Mathematical model 
The mathematical model (inflation and extension of thin-wall tube) is needed 
because it includes the fabrication parameters which are found by applying the design 
optimization (Section 2.3.1). 
Modeling includes: i) assumptions about the vessel geometry (geometrical 
model); ii) assumptions about the interaction of the vessel with other bodies (model of 
applied loads and boundary condition); iii) mathematical description of the mechanical 
properties of the material (selection of constitutive equations); and iv) modeling of the 
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deformation process by introducing hypotheses for the character of the stress and/or 
strain. [44] 
The graft has a geometry that can be considered as tubular. In order to simplify 
the model, the following conditions are assumed: 
i. The geometry is considered to be a thin cylindrical membrane of constant thickness 
(a circular membrane is a geometrical object where the thickness h is much smaller 
than the longitudinal length l  and the radius r . A common criterion is 5r
h
> ) 
ii. The loadings (internal pressure and longitudinal extension) are axisymetric and 
quasi-static. 
Condition (i) implies that the circumferential stress θσ

 and the longitudinal stress zσ

 are 
uniformly distributed across the thickness and that the radial stress rσ

is null everywhere 






Figure 2.1: Principal directions and stress 
























Kinematics and finite elasticity 
The deformed position x

 of a body is related to its undeformed position X



















The principal stretches iλ of the deformation are determined by taking the square root of 
the eigenvalues of the right Cauchy-Green tensor 
 TC F F=
 
, (2.3) 
The stresses of an elastic material can be derived from a SEF W  that is a function of the 
strain invariant of C

. For an isotropic material 
 ( )1 2 3, ,W W I I I= , (2.4) 
where 
 2 2 21 1 2 3I trC λ λ λ= = + +

, (2.5) 
( ) ( )2 2 2 2 2 2 2 22 1 2 2 3 3 1
1
2
I trC tr C λ λ λ λ λ λ = − = + +  
, 
2 2 2













3I  characterizes the change of volume. When the material is incompressible 3 1I = , and 
consequently the SEF is only a function of 1I , 2I  and the stretch ratios are not 
independent 
 1 2 3 1λ λ λ =  (2.6) 





σ λ ∂= +
∂
, 1,2,3i = , (2.7) 
where p is an unknown scalar function which appears due to the material 
incompressibility. The iE are the principal components of the Green tensor 
 ( )21 1
2i i
E λ= − , 1,2,3i = , (2.8) 
The unloaded configuration oΩ of the graft corresponds to the zero stress state 
configuration (Fig. 2.3). This is demonstrated by the observation that a graft segment is 





Figure 2.3: Unloaded and loaded configurations 















By denoting the cylindrical coordinates before and after deformation by ( ), ,R ZΘ  and 




λ = , r
Rθ
λ = , r
h
H
λ =  (2.9) 
 
Equilibrium 
Condition (ii) implies that the theory of static mechanics is applicable to derive 
the membrane stresses. In absence of body forces, the equilibrium equation is deduced 






Figure 2.4: Free body diagram of the 




The equation arising from the equilibrium 2pF T=  is known as the law of Laplace 
 iPr
hθ
σ = , (2.10) 
where P is the internal pressure, ir  the inner diameter and h  the thickness of the 










It follows from the condition of incompressibility (Eq. (2.6)) that 1I  and 2I  are 









= , (2.11) 
Given Eq. (2.8), the SEF in Eq. (2.7) is only a function of zE  and Eθ . Given the 
membrane assumption that reduces the radial stress rσ

 to zero everywhere, the 












where ( ),zW W E Eθ= . The axial and circumferential stress are obviously functions of zλ  
and θλ . 













The model is used in a direct approach. Given the input, i.e. the pressure, and the model, 







Figure 2.5: Representation of the model (direct approach) 
(L: Load, G: Geometry, BC: Boundary Condition, CE: Constitutive 




The Peterson modulus and the axial force can also be determined. The Peterson 









where ir  is the inner radius at the mean prescribed pressure P  and P∆  is the difference 
between the systolic and diastolic pressure and ir∆ is the resulting change of inner radius 
around the inner radius ir . As P  and ir  depend only on θλ , the local Peterson modulus is 









=  ∆ ∆ 
, (2.15) 





G:  Thin-wall tube (H,Di) 
BC: Axial stretch 
CE: Incompressible elastic 
material 






PP P ∆= − , (2.16) 
 Prescribed PressureP = , (2.17) 
 
2s
PP P ∆= + , (2.18) 
Given the Eqs. (2.11) and (2.13), the only unknown of the Peterson modulus pE  is the 
circumferential stretch ratio θλ . 
The axial force is determined from 
 z zF dhπ σ=  (2.19) 
Given Eqs. (2.9), (2.11), and (2.12), the only unknown parameter for the axial force zF  is 
the circumferential stretch ratio θλ . 
 In conclusion, given the unloaded configuration oΩ , the SEF, the axial stretch 
ratio zλ , and the applied pressure, the stretch ratio θλ  is determined and the mechanical 
responses like the stresses, strains, Peterson modulus or axial force can be calculated. 
Equation (2.13) is solved numerically using Maple (Appendix A). 
 
2.4 Design 
2.4.1 Design optimization 
The design optimization solves the inverse problem of finite inflation and 
extension of a thin wall tube (mathematical model) which verifies the mechanics 
matching criterion (“one-point criterion). It returns the fabrication parameters needed to 
build a mechanics matching graft. 
Given the Eqs. (2.14) and (2.19), the “one-point” criterion becomes 
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= , zam zF dhπ σ= , (2.20) 
The equations relating the deformed dimensions , ih r  of the graft to the initial 
dimensions ,iR H , stretch ratios ,z θλ λ  and the SEF were already derived. The 
circumferential stretch ratio θλ  is an unknown too because the deformed state of the graft 
is not known. The problem of finite inflation and extension of the graft is not solvable yet 
because there are four unknown and only tree independent equations. Using the 
equilibrium condition given by Eq. (2.10) (Law of Laplace), the inverse problem of 
inflation and extension of the graft reduces to solve the system of four equations given by 
Eqs. (2.10) and (2.20) in order to determine the four unknowns , , ,i zR H θλ λ , as illustrated 






Figure 2.6: Representation of the optimization process 
(L: Load, G: Geometry and axial stretch ratio of the graft, HA: 




HA: , ,iam pam zamr E F  





G: , , zR H λ  
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2.4.2 Material requirements 
An ideal vascular graft would (1) be biocompatible, (2) be non thrombogenic, (3) 
have long-term potency, (4) be durable yet compliant, (5) be infection resistant, and (6) 
be technically facile [26]. All of these requirements are related to the graft material. 
To design a compliant graft (4), a biomaterial with soft tissue-like elasticity 
should be considered. 
Moreover its SEF must be known in order to permit the design optimization to be 
applied. For some elastic biomaterials, such as elastomers (Polyurethanes, Silicon, PVA 
hydrogel) or other rubber-like materials, the SEF depends solely on the first strain 
invariant [3, 62], i.e. W=W(I1). A SEF of this form can easily be determined by uniaxial 
or biaxial tests. 
A tube made of a particular material must be able to verify the “one-point” 
criterion with dimensions easy to manufacture (6). A compliant graft must at least verify 
the following: 
 pg paE E= , (2.21) 
 g ar r= , (2.22) 
where subscript “a” refers to the host artery (Table 2.1) and subscript “g” refers to the 
graft (Table 2.2). The functional stiffness Ep [40] is related to the structural stiffness E 




≈  (2.23) 
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where r and h are respectively the radius and thickness of the cylinder that represent the 







=  (2.24) 
The value of the thickness demonstrates whether or not the material can be used for 




Table 2.1: Mechanical properties of a canine coronary artery [16] 
 
 
P r h Ep
[mmHg] [mm] [mm] [kPa]
102 1.58 0.13 149  





 The possibility of manufacturing will be checked for current synthetic grafts, 




Table 2.2: Mechanical properties of current synthetic grafts (Goodfellow Corporation, 





Dacron (PET) 2000 80
Gore-Tex (ePTFE) 400 14  






 The manufacturing ease will also be verified for PVA hydrogel. This hydrogel can 
be fabricated to exhibit a Young’s modulus between 0.36 MPa and 1.01 MPa [59]. 
 
2.4.3 Identification of the SEF of a particular form W=W(I1) 
Generally, data from uniaxial tests (Dumbbell-shaped strips or ring tests, as 
shown in Fig. 2.7) are sufficient to identify SEF of material belonging to the class 
( )1W W I=  [13, 45]. The material properties of the graft may depend on the 
manufacturing process. Then the identification of the SEF is more realistic by inflating a 
manufactured graft. In this study, the design optimization outcomes include the 
longitudinal stretch ratio to prevent any buckling or over stretching of the graft. Therefore 
the formulation of the SEF must be determined and checked in the 1zλ ≥  and 1θλ ≥  












Figure 2.7: Typical identification of W=W(I1) (squared area) and recommended 
identification and verification for a graft (dotted area) 
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The SEF is determined by using the model in an indirect approach. Given the 
input, i.e. the pressure, and the output, i.e. the circumferential stretch ratio, the model is 






Figure 2.8: Representation of the model (indirect approach) 
(L: Load, G: Geometry, BC: Boundary Condition, CE: Constitutive 




Input and output of the model must be measurable physical values, i.e. forces or 
displacements. That is why it is necessary to link the circumferential stretch ratio to the 
measurable outer diameter. Using the condition of incompressibility on a graft segment it 
follows 





G:  Thin-wall tube 
BC: Axial stretch 
CE: Incompressible PVA 
hydrogel 
EE: Finite inflation 
 
OUTPUT 










= −  (2.26) 
 o ih d d= −  (2.27) 
 od d h= −  (2.28) 
Given Eqs. (2.26) to (2.28), the circumferential stretch ratio θλ  is only a function of od . 




















Making use of Eq. (2.13), the set of recorded data { },i oiP d  are transformed into a set of 






  ∂ 
  ∂   
. Then 






 and 1I  is known or a reasonable form should be assumed 







. The unknown coefficients are determined by applying the least 
square method. 
 
2.4.4 Example of first invariant, biocompatible, hydrophilic material 
PVA hydrogel is a synthetic hydrogel that combines properties such as 
biocompatibility, hydrophilicity, and permeability makes them advantageous for use in 
biomedical applications [25]. 
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PVA hydrogel is a hyperelastic, incompressible, and homogenous (isotropic) 
solid, which has a SEF that is an exponential function of the first strain invariant 1I of the 
right Cauchy-Green tensor 
 ( ) ( )1 1exp 3 1
cW I a I
a
 = − −    , (2.30) 
where a and c are material constants [13, 45]. The SEF fully describes the elastic 
mechanical properties of the material and determines the general 3D stress-strain 
constitutive relations. 
 
2.4.5 Example of host artery parameters 
The design optimization will be tried for a canine carotid host artery and a human 
coronary host artery. The mechanical response of these arteries is taken from the 
literature. 
Canine carotid host artery 
Takamizawa et al. identified a strain energy density function for canine carotid 
arteries. The vessel dimensions at physiological condition (100 mmHg, in vivo axial 




Table 2.3: Vessel dimensions and circumferential stretch ratio at physiological condition 





4.557 ± 0.573 4.093 ± 0.539 1.571 ± 0.097  





The exponential formulation of the SEF is the following 
 ( )exp 1W C ψ= − , (2.31) 
Where ( )2 21 2
2 z z zz z
a E a E E a Eθθ θ θ θψ = + +  and C  and the ija  are the material constants, 
the E  is the Green’s strain. The material constants assuming zero stress under no load 




Table 2.4: Material constants of the canine carotid artery assuming zero stress under no 
load condition [54] 
 
C aθθ aθz azz
[kPa] [-] [-] [-]
17.478 1.3000 0.1061 1.6604
12.965 0.5211 0.1205 0.7345  




The model of inflation of a thin wall tube described in section 2.2.1 is used to calculate 
the mechanical responses of the canine carotid arteries because the geometry is a thin 
cylindrical membrane of constant thickness ( 9.3 5r
h
≈ > ). The Maple code (Appendix A) 
is used to determine the mechanical responses for the canine carotid artery (Table 2.12). 





Table 2.5: Mechanical responses of the CCHA calculated from the membrane model 
 
P dia Epa Fza
[mmHg] [mm] [kPa] [g]
0 2.177 7.7 31.7
20 2.855 13.1 33.4
40 3.344 22.1 37.0
60 3.684 34.5 41.6
80 3.929 49.6 46.6
100 4.115 67.0 51.8
120 4.262 86.1 57.0
140 4.382 106.8 62.2
160 4.483 128.9 67.4
180 4.569 152.0 72.6
200 4.644 176.3 77.8
220 4.710 201.4 82.9
240 4.769 227.4 87.9  





Human coronary host artery 
Data on postmortem human coronary arteries from a healthy 40 year old man are 









2.156 0.644 472  






The mechanical response at the mean pressure is not entirely defined, as the axial force Fz 
is missing. The design outcomes will be calculated for two different possible axial forces 
that are 5g, and 50g. 
 
2.5 Building elastic tubes 
The elastic tubes are fabricated by injecting the elastic material into tubular molds 




Figure 2.9: Three parts mold to make the tubular graft 
(1. Inner stainless steel rod; 2. Outer stainless steel cylinder; 3. 




2.6 Identification and verification tests 
The mechanical responses of the elastic tube and graft prototype are determined 
experimentally by pressure-outer diameter measurements. It takes an important place in 
the design and validation of a mechanics matching graft because 
i. The design optimization uses the SEF of the material which is determined by 
experimentation, 
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ii. The mathematical model is validated by predicting the inflation of a tube 
longitudinally stretched, 
iii. The pressure diameter response of a graft prototype is compared to its theoretical 
response to observe the design and fabrication process robustness. 
 
2.6.1 Sample placement 
A 30 mm length segment of elastic tube is cut and mounted in the vessel chamber 
on two stainless steel tubes that matches the lumen of the graft. Both ends of the graft are 
attached to the stainless steel tubes using strings and usual nodes in order to prevent any 
leakage. All air bubbles are removed from the flow loop by making the liquid flow to the 
reservoir, where bubbles can escape. 
 
2.6.2 Initial inner diameter measurement 
After all experiments are over, a ring of material located at the middle of the tube 
sample (where the “cross-section” measurement is made) is cut to identify the inner 
diameter and wall thickness at the undeformed state. The inner diameter is measured 
using a CCD video camera (Philips PCVC740K ToUcam Pro) and a video measurement 
software (AviMéca 2.7.30). A scale is also captured to take the calibration of the 
measurement. The geometry of the ring is not perfect due to the imperfection of 
processing, and roughness of the material. Thus the diameter must result from the 
measure of a set of points ( ),i i iM x y . The center of the circle is not known, but its 
position is estimated by the point ( ),o oMo x y . The measured radius is 
( ) ( )2 2i i o i or x x y y= − + − , assuming that the measured geometry is a circle. The 
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average diameter, i.e. the diameter that best fit the real diameter, is obtained by 
minimizing the Euclidian distance 
 ( )2th ie r r= −∑ , (2.32) 
where e  is the sum of the squared errors, thr  is the expected radius, ir  is the measured 










A preliminary study indicates that a three time preconditioning is necessary to 
reach repeatable loading and unloading curves. Then, before starting the measurement, a 
preconditioning is made by increasing and decreasing the pressure from 0 mmHg to 400 












2.6.4 Pressure-outer diameter measurements 
Two measurement techniques (“cross-section” and “volume" measurements) are 
tested to find the most accurate. 
 
Testing method and experimental conditions 
Medium:  The reservoir and the vessel chamber are initially filled with water at 37°C, 
Loads:  Quasi static inflation (≈1 mmHg/s) test under constant axial length, 
Measures:  Each 20 mmHg from 0 mmHg to 400mmHg (3 times) 
Cross section 
The experimental setup used to measure locally the diameter of the tubes is 
schematically presented in Fig. 2.11. Pressure is applied to the graft by compressing four 
10cc syringes using an Infusion/Withdrawal Syringe Pump (Harvard Apparatus). The 
pressurization is controlled by both the syringe pump and the clamp located downstream 
the graft. A pressure transducer (Harvard Apparatus) is immediately connected after the 
graft but before the clamp for monitoring pressure. The digital display of the pressure is 
set under the transparent vessel chamber. The pressure digital display and the graft are 
then filmed at the same time (Fig. 2.11: 10) by a CCD video camera (Philips PCVC740K 
ToUcam Pro) and recorded on a computer (Acer Aspire 1350 LMi). The diameter is 
measured using a video measurement software (AviMéca 2.7.30), as illustrated in Fig. 











Figure 2.11: Local diameter measurement experimental setup 
, 1: PVA hydrogel graft sample, 2: Scale, 3: Transparent vessel chamber, 
4: Infusion/Withdrawal Syringe Pump (Harvard Apparatus), 5: Reservoir, 
6: CCD video camera (Philips PCVC740K ToUcam Pro), 7: Pressure 
transducer (Harvard Apparatus), 8: T adapter with a pressure dome, 9: 































The experimental setup used to measure the diameter of the graft by measuring 
the change of volume in the vessel chamber is schematically presented in Fig. 2.13.. The 
pressure application system, rate, and monitoring remains the same as before; however 
the diameter measurement changes. The vessel chamber is closed hermetically and a 1 
mL pipette is inserted into an aperture on the lid. The vessel chamber is filled with water 
until the liquid starts to fill the pipette. Then, the increase of the diameter of the graft 
drives the liquid into the pipette. This experiment is possible because water is 
incompressible. As a consequence, any air bubbles trapped in the vessel chamber must be 
removed by using the clamp inserted into the lid. The average outer diameter of the graft 







= , (2.33) 
where V∆  is the change of volume in the pipette, 
2
0 4
oDV Lπ= , and L  is the length of the 
graft. The digital display of the pressure is behind the pipette. The pressure display and 
the volume in the pipette are filmed at the same time (Figure 2.14: 10) by a CCD video 
camera (Philips PCVC740K ToUcam Pro) and recorded on a computer (Acer Aspire 
















Figure 2.13: Change of volume measurement experimental setup. 
1: PVA hydrogel graft sample, 2: 1mL pipette , 3: Clamp to remove air 
bubble from the vessel chamber, 4: Infusion/Withdrawal Syringe Pump 
(Harvard Apparatus), 5: Reservoir, 6: CCD video camera (Philips 
PCVC740K ToUcam Pro), 7: Pressure transducer (Harvard Apparatus), 8: T 














2.6.5 SEF parameters 
The identification of the synthetic hydrogel SEF consists of determining two 
material constants a and c [13, 45]. According to Eq. (2.30) the natural logarithm of the 
derivative of the SEF is a linear function of the first invariant: 
 1
1
ln W AI B
I
 ∂
= + ∂ 
, (2.34) 
with A a= , ln 3B c a= − . 






 versus 1I  determines the SEF parameters, also called 
material constants a  and c  
 a A= , ( )exp 3c A B= + , (2.35) 
The set of recorded data { },i oiP d  is transformed into a set of experimental stress-






  ∂ 
  ∂   
. A linear regression of the 






  ∂ 
  ∂   
 gives the constant{ },A B , and the material constants { },a c  
are deduced from Eq. (2.35). The Fig. 2.14 illustrates the process to find the material 












2.6.6 Model validation 
The mathematical model is validated by predicting the inflation of a tube 
longitudinally stretched. The predicted mechanical response is compared to the 
experimental response. 
Two marks are made on the longitudinal axis with ink. The axial stretch ratio is 
calculated by measuring the distance between those two points before and after the 
stretching process, as illustrated in Fig. 2.15. The measurement uses a video measurement 













































  ∂ 
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Identification 














2.7 Sensitivity analysis 
The sensitivity analysis determines the influence of the host artery parameters 
( , ,iam pam zamr E F ) on the graft design outcomes ( , ,i zR H λ ). If a small change in a parameter 
results in relatively large changes in the outcomes, the outcomes are said to be sensitive 
to that parameter (IIASA). 
An unidirectional analysis is performed by screening the parameters one by one. 
This approach does not take into account combined influence of parameters due to the 
non linearity of the problem (see Eqs (2.10) and (2.20)). However, we are able to 
determine the less important parameter and keep it a fixed value in order to perform a two 
directional screening. 
This analysis is made for the CCHA and the corresponding IOG. The reference 
parameters (subscript 0) are ( 0 0 0, ,iam pam zamr E F ) of the CCHA from [54] at a mean 





< < , 
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where P is the screened parameter. The other non screened parameters are kept at their 
reference values. The outcomes are calculated using the Maple code given in Appendix B 
and normalized in order to compare their respective sensitivity. 
 
2.8 Burst pressure 
A burst pressure test is performed on the graft prototype from which the ultimate 
circumferential stress is determined. The burst pressure test setup is the same as the 
“cross section” pressure-diameter setup. The inflation of the graft prototype is made at 
rate of 1 mmHg/s until it bursts. The circumferential ultimate stress, also called burst 
stress, is estimated solving the problem of finite inflation and extension of a cylindrical 
tube using the Maple code in Appendix A. the burst pressure is then predicted for the 
other untested tubes by using equation 2.13 and assume the ultimate stress is the same 
between the tubes. 
 
2.9 Selection algorithm 
A selection algorithm is elaborated to select the graft that best fits one individual 
host artery from a set of manufactured grafts. 
Non invasive measurement of artery in vivo 
 The aim of a non invasive measurement technique is to measure the patient’s host 
artery diameter and pressure responses in order to identify the host artery parameters and 
select the manufactured graft that best matches the host artery. The sensitivity analysis in 
Section 2.4.2 shows that the force can be determined with a very low accuracy. Thus, the 
axial force zamF  is not measured for each patient, but its reference value 0zamF  (from 
literature) is taken instead. Then the parameters of the host artery reduce to Patientiamd , 
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Patient
pamE , 0zamF , where the superscript “Patient” indicates that those values are specific to a 
patient. 
A high-resolution ultrasonic echo-tracking device (NIUS 02®, SMH, Bienne, 
Switzerland) can be used to measure the internal diameter [55]. This device was 
described and validated for the measurement of  radial parameters in humans [4]. The 
diameter is measured measuring the time between two peaks of the RF ultrasound signal 






Figure 2.16: Schematic illustration of the arterial 
diameter determination by an A-mode echo-tracking 
system (NIUS 2). The cursors automatically focus on the 
echogenic interfaces delineating the wall lumen [57] 




The system is coupled to a digital photo-plethysmograph finger cuff (FMS, 
Finapres Measurement Systems, Arnhem, Netherlands) for simultaneous blood pressure 
measurements. Because the pressure and diameter are measured at different sites, the two 
signals are delayed. They are synchronized using a model based on wave speed [55]. The 
inner diameter resolution is 160 µm for absolute values (2.5 µm during systolic-diastolic 
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changes) and the pressure resolution is about 2 mmHg. A preprocessing signal analysis 
software can calculate the mean pressure by integration and returns the diameter at the 
mean pressure as illustrated in Fig. 2.17. It returns also the systolic and diastolic values of 
pressure and inner diameter. These parameters are the input of the “program for 
selection” that selects the best manufactured graft for the patient. The overall process 






























Figure 2.17: Continuous and simultaneous 
pressure (bottom) diameter (top) record and inner 




Figure 2.18: Schematic representation of the setup to measure simultaneously the 
pressure and the diameter of one individual host artery and select the best manufactured 
graft, 1: Ultrasonic transducer (record the inner diameter of the Host Artery), 2: Digital photo-
plethysmograph finger cuff (record the blood pressure), 3. Preprocessing software (captures and analyses 
the signals : return the diastolic, mean and systolic values), 4: The “Program for selection” returns the best 






Figure 2.19: Logic block diagram to determine the 
manufactured graft that best fit the patient characteristics 
 
Enter the parameters 
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Procedure of graft selection 
The best graft for the patient is the graft whose mechanical responses are closest 
to the mechanical responses of the host artery of the patient. The mechanical equivalence 
has been defined before by the “one point criterion”. Then the manufactured graft that 
best fit the host artery is the one that minimizes the errors of the inner diameter and 
Peterson modulus between the graft and the host artery at the mean pressure. The axial 
stretch ratio prior to implantation is set to one because this simplifies the surgical 
procedure of implantation. The error is defined as the weighted Euclidian distance 
between the graft and the host artery in the diameter and Peterson modulus plan at the 
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   
 (2.36) 
where 0 1w< <  is the weighting factor and the subscript “j” indicates that the value 
refers to the manufactured graft number j. According to the sensitivity analysis, the 
diameter has more importance than the Peterson modulus. That’s why w  is taken greater 
(w=0.6) than 1
2
. The Peterson modulus is calculated from measured parameters from the 
patient as follows 
 










The program of selection entitled “Selection of the best MG for the patient” (Appendix 








3.1 Choice of material 
PVA hydrogel is chosen as an example material to create a mechanics-matching 
graft. This material could be manufactured under a variety of ways within the laboratory 
at G.I.T. 
 
Current synthetic graft material 
 Current approved clinical synthetic grafts are made of Dacron (PTE) and Gore-
Tex (ePTFE), which are very stiff materials compared to native arteries. The thicknesses 








Dacron (PET) 1.18 10-04
Gore-Tex (ePTFE) 5.89 10-04  




Grafts made of Dacron or ePTFE would have dimensions which are difficult to 
manufacture. Besides such thin wall grafts would have a very low burst pressure 





PVA hydrogel tubes 
The thickness (Table 3.2.) can be manufactured and may confer a great burst 
pressure resistance. This demonstrates that when correctly processed and design, PVA 












PVA         
hydrogel  
Eg: Young’s modulus of PVA hydrogel, hg: 




Moreover PVA hydrogel combines properties such as biocompatibility, 
hydrophilicity, permeability [25] and ease of manufacture [8]. As a consequence PVA 
hydrogel is the material chosen to design a mechanics matching graft. 
 
3.2 Pressure-diameter curves of the tube for identification  
A tube made of PVA hydrogel is fabricated in order to identify the SEF of the 
material (in term of material constants a and c) with pressure diameter measurements. 
 
3.2.1 Initial geometry 
The outer diameter is measured when the graft mounted in the experimental setup. 
The inner diameter is measured using the least square method described Chapter 2 and 
illustrated in Fig. 3.1. The thickness is calculated from these two measurements. 
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( )7.885 0.032, 3oD mm n= ± =  
( )4.885 0.011, 3iD mm n= ± = , 20.0066e mm=  
1.50H mm=  
The tube is close (R/H=2.13) to be thin-wall (R/H=5) at its unloaded configuration. A 
pressurized tube tends to the thin-wall assumption as the thickness decreases and radius 
increases. Tubes verifying the thin-wall assumption have mechanical responses within 






Figure 3.1: Measured (dashed blue line) and average (solid red 







Table 3.3: Pressure-diameter relation (“cross-section” measurement) 
 
P do do/Do
[mmHg] [mm]  [-]
0 7.885 (±0.032) 1.000
20 7.918 (±0.006) 1.004
40 7.957 (±0.007) 1.009
60 7.976 (±0.021) 1.012
80 8.024 (±0.008) 1.018
100 8.066 (±0.044) 1.023
120 8.115 (±0.023) 1.029
140 8.139 (±0.007) 1.032
160 8.212 (±0.023) 1.041
180 8.248 (±0.007) 1.046
200 8.303 (±0.030) 1.053
220 8.369 (±0.018) 1.061
240 8.430 (±0.036) 1.069
260 8.496 (±0.008) 1.078
280 8.539 (±0.021) 1.083
300 8.587 (±0.023) 1.089
320 8.654 (±0.014) 1.098
340 8.708 (±0.015) 1.104
360 8.751 (±0.023) 1.110
380 8.823 (±0.023) 1.119
400 8.884 (±0.031) 1.127  
P: Pressure; Do: Non deformed outer diameter; 










Table 3.4: Pressure-diameter relation (“volume” measurement) 
 
P do do/Do
[mmHg] [mm]  [-]
0 7.885 (±0.032) 1.000
20 7.913 (±0.006) 1.004
40 7.947 (±0.010) 1.008
60 7.979 (±0.013) 1.012
80 8.013 (±0.013) 1.016
100 8.048 (±0.011) 1.021
120 8.093 (±0.009) 1.026
140 8.134 (±0.010) 1.032
160 8.177 (±0.008) 1.037
180 8.224 (±0.012) 1.043
200 8.269 (±0.012) 1.049
220 8.316 (±0.010) 1.055
240 8.379 (±0.008) 1.063
260 8.426 (±0.009) 1.069
280 8.479 (±0.008) 1.075
300 8.531 (±0.008) 1.082
320 8.578 (±0.010) 1.088
340 8.630 (±0.014) 1.094
360 8.678 (±0.009) 1.101
380 8.724 (±0.011) 1.106
400 8.775 (±0.008) 1.113  
P: Pressure; Do: Non deformed outer diameter; 











Figure 3.2: Pressure-diameter relationship of the graft at an axial stretch ratio of one. 












where the indices l  indicates that the value is given by the local diameter measurement 


































The differences between the “cross-section” and “volume” measurements are 
small (around 1%). The outer diameters obtained from the “volume” measurement are 
smaller than those obtained from the “cross-section” measurement, because the tube does 
not deform as a perfect cylinder (edge effect shown in Fig. 3.3.). Both measurements 
should tend to the same values, when the tube is long enough. But this is not the case in 
our setup. In the following only data obtained from the “cross-section” measurement are 






























3.3 SEF parameters 
The SEF parameters (material constant a and c) determine the material properties. 




Table 3.6: Mechanical responses of the tube for SEF identification (λz=1.0) 
 
P λθ Eθ σθ I1 Ln(dW/dI1)
[mmHg] [-] [-] [kPa] [-] [-]
0 1.000 0.000 0.00 3.0000 -
20 1.007 0.007 4.42 3.0002 4.402
40 1.015 0.015 9.02 3.0009 4.340
60 1.018 0.019 13.66 3.0013 4.535
80 1.028 0.029 18.67 3.0031 4.427
100 1.037 0.037 23.84 3.0052 4.412
120 1.046 0.048 29.29 3.0083 4.388
140 1.051 0.053 34.57 3.0100 4.457
160 1.066 0.068 40.90 3.0162 4.384
180 1.073 0.076 46.79 3.0198 4.418
200 1.084 0.087 53.30 3.0258 4.415
220 1.097 0.101 60.40 3.0341 4.400
240 1.108 0.114 67.66 3.0425 4.402
260 1.121 0.129 75.41 3.0526 4.403
280 1.129 0.138 82.67 3.0595 4.432
300 1.139 0.148 90.37 3.0678 4.455
320 1.151 0.163 99.04 3.0800 4.462
340 1.162 0.175 107.53 3.0905 4.481
360 1.170 0.184 115.77 3.0991 4.509
380 1.183 0.200 125.68 3.1145 4.517
400 1.195 0.214 135.37 3.1280 4.534  
P: Pressure; λθ: Circumferential stretch ratio; Eθ: Circumferential Green’s strain; σθ: 
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 are around a straight line. A linear regression of these 
points (from 40 mmHg to 400 mmHg) gives the constant 0.8503A =  and 1.8514B = , 
and the material constants are 
0.85a =  
81.625 c kPa=  
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3.4 Model validation 
The model is validated by predicting the mechanical response of the tube when it 
is initially stretched. The axial stretch ratio is set to 1.038zλ = . Table 3.7. shows the 




Table 3.7: Experimental and theoretical mechanical responses of the tube for SEF 
identification with an axial stretch ratio of 1.038 
 
P do Eθ σθ do Eθ σθ
[mmHg] [mm]  [-] [kPa] [mm]  [-] [kPa]
0 7.699 (±0.128) -0.026 0.00 7.739 -0.018 0.00
20 7.718 (±0.152) -0.023 4.29 7.773 -0.012 4.42
40 7.730 (±0.138) -0.020 8.64 7.809 -0.004 9.00
60 7.772 (±0.118) -0.012 13.26 7.846 0.003 13.79
80 7.827 (±0.133) -0.001 18.20 7.885 0.011 18.75
100 7.864 (±0.133) 0.007 23.18 7.926 0.019 23.93
120 7.900 (±0.123) 0.014 28.34 7.969 0.028 29.34
140 7.967 (±0.122) 0.028 34.20 8.014 0.037 34.99
160 8.015 (±0.093) 0.038 40.02 8.061 0.047 40.91
180 8.076 (±0.131) 0.050 46.36 8.111 0.058 47.12
200 8.149 (±0.102) 0.066 53.29 8.163 0.068 53.63
220 8.216 (±0.104) 0.080 60.43 8.217 0.080 60.46
240 8.253 (±0.095) 0.087 67.01 8.274 0.092 67.65
260 8.344 (±0.088) 0.106 75.55 8.333 0.104 75.20
280 8.423 (±0.071) 0.123 84.13 8.394 0.117 83.14
300 8.502 (±0.058) 0.140 93.13 8.458 0.131 91.48
320 8.551 (±0.085) 0.151 101.33 8.524 0.145 100.26
340 8.618 (±0.064) 0.165 110.57 8.592 0.160 109.46
360 8.685 (±0.042) 0.180 120.16 8.661 0.174 119.11
380 8.739 (±0.075) 0.192 129.54 8.732 0.190 129.21
400 8.806 (±0.048) 0.207 139.83 8.805 0.206 139.77
Experimental mechanical reponses Theoretical mechanical responses
 
P: Pressure; do: Outer diameter expressed as Mean ±S.E., n=3; Eθ: Circumferential Green’s strain; σθ: 





The comparison of the experimental and theoretical responses is made on the stress-strain 
















Figure 3.5: Experimental and theoretical Stress-strain 




The correlation between the experimental and theoretical set of points is calculated using 
the Pearson Product Moment correlation, as follows 
0.999936r =  




3.5 Design of mechanics-matching grafts 
In the following, the design optimization is applied to a canine and human model. 
Canine carotid host artery (CCHA) 
The ideal optimized graft (IOG) dimensions are calculated for a mean pressure of 
100 mmHg. The inner diameter, Peterson modulus and axial force of the host artery are 
respectively equal to 4.115iamd mm= , 67.0pamE kPa=  and 51.8zamF N=  (see Table 
2.12). Using the Maple program given in Appendix B, the IOG initial dimensions and 
axial stretch ratio are calculated 
1.867mmiR = , 0.360mmH = , z =1.160λ  
The mechanical responses of the IOG given in Table 3.8 are predicted using the 
mathematical model (Maple’s code in Appendix A). At a mean pressure of 100 mmHg, 
the mid wall radius is 2.202 mmr = , the thickness is 0.289h =  and the ratio 
7.620 5r
h
= > . Thus, in the range of interest, i.e. around the mean pressure, the 
membrane model is verified. The fit between the pressure diameter relationships of the 














Table 3.8: Mechanical responses of the IOG for a CCHA calculated from the membrane 
model 
 
P dig Epg Fzg
[mmHg] [mm] [kPa] [g]
0 3.467 96.6 33.4
20 3.569 88.1 36.3
40 3.684 80.5 39.5
60 3.813 74.3 43.1
80 3.957 69.7 47.2
100 4.115 67.0 51.8
120 4.283 66.4 57.0
140 4.457 67.9 62.7
160 4.632 71.5 69.0
180 4.802 76.9 75.7
200 4.964 84.0 82.7
220 5.117 92.3 90.0
240 5.259 101.8 97.6  
















Figure 3.6: Pressure-diameter (P-D) relationship of the CCHA (solid line) 





Human coronary host artery (HCHA) 




Table 3.9: Design outcomes for a human coronary host artery 
 
 
Fz λz Ri H
[g] [-] [mm] [mm]
5 0.996 2.093 6.325
50 1.000 2.097 6.447  
Fz: supposed axial force of the host artery, λz: axial stretch 
ratio of the ideal graft, Ri: inner radius of the ideal graft, H: 




The thickness of the human IOG is greater than that of canine IOG because the human 
coronary arteries are stiffer than canine carotid artery. 
 
3.6 Sensitivity analysis 
The sensitivity analysis shows that the host artery parameters do not need to be 
precise and that the longitudinal stretch ratio of the graft is not so important. 
 
Screening of one parameter 
Only one parameter is screened while the others are kept constant. The results are 
given in Figure 3.7. The axial force of the artery has almost no effects on the design 
outcome and can then be determined with a very low accuracy. 
Screening of two parameters 
The axial force parameter is kept constant while the diameter and the Peterson 




Figure 3.7: One parameter screening, X-coordinate: the screened parameter, Y-
coordinate: the outcomes variation, riam0=4.115/2 mm, Epam0=67.0 kPa, Fzam0=51.8 N, 














































Figure 3.8: Screening of two parameters (X-Y plan: 
the two parameters screened, Z-coordinate: the 
outcome variation) 
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Sensitivity of λzg 
The non linearity of the problem is seen in the sensitivity analysis of the axial 
stretch ratio. The axial stretch ratio appears to be sensitive only when both the functional 
stiffness and radius of the host artery decrease. Then, zgλ  can be determined with a low 
accuracy when the Peterson modulus and radius of the host artery are greater than their 
reference values. 
Sensitivity of Hg 
The thickness is highly sensitive to the functional stiffness and radius of the host 
artery. For a variation of 30%± of these parameters, the thickness varies between 50%−  
and 60%+  of its reference value. Thus, the Peterson modulus and diameter of the host 
artery must be determined with an extremely high accuracy. For a given radius, an 
increase of the functional stiffness is compensated by an increase in the thickness of the 
graft. This result is in concordance with the Eq. (2.23). The thickness of the graft appears 
to be an alternative to control the functional stiffness of the graft for a given diameter. 
Sensitivity of Rig 
The radius of the graft is mainly sensitive to the radius of the host artery. This 
confirms that the radius of the graft must be determined with a high accuracy. 
 
Summarizing, the radius of the host artery must be determined with a high 
accuracy because the radius and the thickness of the graft are very sensitive to this 
parameter. The functional stiffness of the host artery affects mainly the thickness of the 
graft.  The axial force of the host artery has almost no influence on the design outcomes 
and can be determined with an extremely low accuracy. 
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3.7 Possible range of fabrication 
Designing and building a specific graft for an individual is not practical. 
Fabricating a set of grafts with a range of mechanical responses is more realistic. We 
were able to design a mechanics matching graft for a given canine carotid host artery 
(expected reference). To evaluate the range of mechanical responses the manufactured 
grafts should cover, a representative sample of canine carotid mechanical responses is 





Figure 3.9: P-D relationship of canine common carotid arteries 





The mechanical responses (outer diameter and Peterson modulus at mean pressure 





Table 3.10: Mechanical responses of the reference and representative sample canine host 
artery 
 
do Ep E(do) E(Ep)
[mm] [kPa] [%] [%]
Reference 4.58 67 0 0
No. 1 4.92 179 8 167
No. 2 4.96 153 8 129
No. 3 6.50 243 42 262
No. 4 6.84 164 49 144
No. 5 5.24 152 15 127
No. 6 4.90 135 7 101
No. 7 5.83 121 27 81
No. 8 4.99 65 9 -3
Mechanical responses Deviation from reference
 
do: outer diameter at 100mmHg, Ep: Peterson modulus, e(x): error of x between 




The range could cover 100% to 150% of the deformed diameter and 90% to 260% 
of the functional stiffness of the expected host artery reference. The axial stretch ratio 
prior to implantation is set to one because this simplifies the surgical procedure of 
implantation. The Maple program in Appendix B (with 1zλ = ) is used to evaluate the 
design range that follows 
 0.25 1.35mm H mm< <  
 1.7 2.9imm R mm< <  
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3.8 Selection of one prototype 
A set of six graft prototypes were manufacture (following the same processing 
and composition used to fabricate the tube from which the SEF was determined) within 
the possible range of fabrication. Their dimensions and predicted Peterson modulus are 




Table 3.11: Manufactured Graft initial dimensions and predicted compliance 
 
 
1 2 3 4 5 6
Ri [mm] 1.43 1.74 1.76 1.81 1.82 2.17
H  [mm] 0.79 0.92 0.44 0.42 0.72 0.49
Ep [kPa] 200 192 98 91 150 50
Prototype Graft #
 
Ri: initial inner radius, H: initial thickness, Ep: Predicted 




The carotid artery No. 5 is chosen as host artery because it relates an average 
behavior among all representative carotid samples (Fig. 3.9). The algorithm of selection 
(Appendix C) returns the graft prototype #5 as the graft that best fit the carotid artery No. 
















Figure 3.10: Algorithm selection (Appendix D) snapshot 











Figure 3.11: Picture of the prototype graft #5 mounted 




3.10 Deviation from prediction 
The experimental and predicted responses of the prototype are compared to verify 
the accuracy of the processing. 
The predicted pressure diameter relationship of the graft prototype #5 is 
calculated solving the problem of finite inflation and extension of a cylindrical tube using 
the Maple code in Appendix A. The experimental pressure-diameter relationship is 
determined by the “cross section” experiment. The deviation between the predicted and 
experimental diameter is less than 2.5% as shown in Table 3.12. the resulting error on the 
Peterson modulus is about 6% at 100mmHg. Predicted and experimental pressure-
diameter relationships are illustrated in Fig. 3.12 with the response of the carotid No. 5 
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host artery. The predicted and experimental responses of the graft prototype #5 are 








Table 3.12: Theoretical and experimental mechanical responses of the prototype 
 
 
P di Ep do di Ep e(do) e(Ep)
[mmHg] [mm] [kPa] [mm] [mm] [kPa] [%] [%]
0 3.600 - 5.074 (±0.001) 3.645 - 1.25 -
20 3.653 178 5.117 (±0.009) 3.705 164 1.42 -7.54
40 3.710 171 5.161 (±0.018) 3.765 154 1.50 -10.02
60 3.769 164 5.213 (±0.018) 3.836 139 1.77 -14.85
80 3.832 157 5.269 (±0.075) 3.912 150 2.07 -5.00
100 3.899 152 5.316 (±0.013) 3.975 160 1.96 5.65
120 3.969 146 5.366 (±0.018) 4.044 135 1.88 -7.82
140 4.044 142 5.437 (±0.018) 4.135 129 2.27 -9.18
160 4.121 138 5.498 (±0.009) 4.215 153 2.28 10.72
180 4.202 135 5.549 (±0.009) 4.282 145 1.89 7.25
200 4.287 133 5.619 (±0.026) 4.372 139 2.00 4.19
220 4.374 132 5.680 (±0.035) 4.450 143 1.74 8.17
240 4.463 - 5.749 (±0.041) 4.538 - 1.68 -
ErrorsTheoretical Experimental
 
P: Pressure, Ep: Peterson modulus (Ep=∆P di/∆di), do: Outer diameter, di: Inner diameter, 
e(x): the error of x between theory and experiment, Experimental outer diameter is given as 


























Carotid artery No. 5
[Sonoda, 2000]
Predicted response of
the graft prototype #5
Experimental response
of the graft prototype #5
 
Figure 3.12: Predicted (dashed line) and experimental (+) 
pressure- diameter relationship of the graft prototype #5 and 



















Figure 3.13: Predicted (solid line) and experimental (x) 
pressure-normalized diameter relationship of the prototype 




The Pearson correlation between the theoretical and experimental pressure diameter 
curves is 
 0.9999r =  
Summarizing, the graft prototype #5 was fabricated within ±6% of specifications. 
The misfit between the predicted response of the prototype #5 and the canine carotid No. 
5 [51] is within 5%. Therefore, the misfit between prototype #5 and the canine carotid 
No. 5 is about 10%. 
If a graft is fabricated with the exact fabrication parameters, the misfit between 
the graft and the host artery can be reduced to 5%. 
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3.11 Burst pressure 
Burst strength of the prototype #5 
The burst pressure (Fig. 3.14) and burst stress are 
 744burstP mmHg=  










Burst strength of the other prototype 
The theoretical burst pressure of the other prototype can be calculated assuming 
that their burst stresses are the same as the burst stress of the graft prototype. All 
prototypes appears to withstand theoretically the maximal pathologic blood pressure of 
300mmHg, as shown in Table 3.13. As the tubes have identical material properties, the 




Table 3.13: Other graft prototypes predicted burst pressure 
 
 
1 2 3 4 6
Pburst [mmHg] 997 960 488 455 444
Prototype Graft #
 








4.1 Summary of accomplishments 
This work shows that we can design and build a mechanics matching graft. The 
fabricated graft prototype was within 6% of its specifications. Therefore, the overall 
process of design, fabrication and selection of a mechanics matching synthetic vascular 
graft was shown to be reliable and robust. 
 
4.2 Comparison with ePTFE, Dacron, SVG, arteries 
The comparison of mechanical responses between the designed human graft, 
prototype #5, arteries, saphenous vein, and current vascular grafts (5mm ID) is illustrated 
in Fig. 4.1. As prototype #5 was fabricated within 6% of its prediction, the same error is 
taken to calculate the possible range of fabricated dimensions of the human graft that best 
fit the LCCA (IOG_LCCA mechanical responses are given in Table 4.2). The current 
vascular grafts have mechanical responses that are far from the LCCA or RCCA 
responses (they are not compliant enough). The prototype #5 mechanical responses 
(Table 4.2) are the closest to an artery mechanical responses. The compliance of the 
prototype #5 is also close to the compliance of the CronoFlex™ (5 mm ID) graft, which 























Table 4.1: Comparison of mechanical responses at 100 mmHg of vascular grafts 
 
 
LCCA IOG_LCCA RCCA No.5 Prototype #5 SV PU PTE ePTFE
di [mm] 4.32 4.32 ±0.13 5.24 (do) 5.3 ± 0.02 (do) 5.1 6.9 5.6 5.4
C [% mmHg 10-2] 2.82 2.82 ±0.17 8.77 8.33 4.4 8.1 1.9 0.9  
LCCA: Human Left Circumflex Coronary Artery [18], RCCA: Right Carotid Canine Artery No. 5 [51], 
SV: Saphenous vein, PU: Chronoflex™ (5 mm ID), PTE: Dacron™ (graft 5 mm ID), ePTFE: Gore-Tex™ 




















































Figure 4.1: Compliance vs. diameter of SVG, vein, arteries, and prototype #5. 
LAD: Human Left Anterior Descending Artery [16], SVG_LAD: Synhtetic vascular graft 
designed to fit the LAD (bars indicate the interval error of fabrication), SV: Saphenous vein, 
PU: Chronoflex™ (5 mm ID), PTE: Dacron™ (graft 5 mm ID), ePTFE: Gore-Tex™ (5mm 
ID) [53], RCCA No.5 (do): Right Carotid Canine Artery No. 5 (outer diameter) [51], 





Many attempts to design a mechanics matching graft use Polyurethanes (PUs). 
Large-diameter vascular grafts fabricated from BioSpan (successor of Biomer) have been 
shown to retain their elastic characteristics long after repeated immersion in hot water, 
and they also exhibit better thromboresistance than materials such as PET and e-PTFE 
(http://www.polymertech.com/materials/biospan.html). The PU vascular grafts have 
faster neointimal cell migration and a thinner neointimal layer than ePTFE [23]. Many 
studies confirmed the excellent mechanical properties and favourable biofunctionality of 
these grafts, but only a few reports have been concerned with the chemical stability 
(oxidation) and the degradation (mineralization, environmental stress-cracking) of 
segmented PUs [31]. The biocompatibility or biostability of PU surfaces is still under 
debate [31]. Moreover, PU grafts performance and compliance are not well characterized 
due to the various composition of the PUs. [60]. 
Rather than seeking a functionally equivalent synthetics graft, some research 
groups try to mimic the host artery over the whole physiological range of pressure 
variation. The grafts are either coaxial synthetic tubes [51] or tissue engineered arterial 
grafts (TEAG). The coaxial synthetic tubes are difficult to manufacture and are still 
mechanically incompatible. The TEAGs use a bioresorbable material [17] as an initial 
conduit. The scaffolds are pre-seeded with living cells cultured in a bioreactor [34] and 
the growth of tissue is stimulated by chemical and mechanical conditioning [33, 50]. The 




4.3 Limitation of approach 
This first approach is limited by the need for materials with a SEF that are biocompatible, 
hydrophilic and easy to manufacture, The second approach requires a wider range of 
diameters, thickness as well as compliance to be sure to fit one individual. Problems 
related to those limitations are discussed in the following. 
 
Design optimization theory 
The mechanically equivalency assumption, formulated in the “one point 
criterion”, states that the pressure diameter curves of the host artery and graft are tangent 
at the mean pressure. This assumption is reasonable because the graft and the host artery 
have mechanical responses that are almost linear in the physiological range of pressure. A 
graft that follows the criterion will reduce the discontinuity stress at the anastomotic sites. 
Therefore, no local stress analysis is needed. The thin wall tube assumption that considers 
the stresses uniformly distributed through the wall, is sufficient for tubes with deformed 
wall thickness inferior to 20% of the deformed radius, which is the case here. A thick 
wall tube assumption has a small (less than 5%) effect on the mechanical responses we 
are interested in. The constitutive formulation of the material uses an elastic model based 
on the strain energy function (SEF). Thus, the design optimization can be applied to all 
biomaterials whose SEF is known or can be identified by experimentation. The highly 
non-linear equations resulting from the design optimization problem are solved using an 
iterative floating-point arithmetic (fsolve in Maple). Note that an fsolve computation may 
fail to find a root even though one exists, in which case specifying appropriate range 
information may result in a successful computation (Waterloo Maple Inc.). 
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The “one point criterion” supposes the graft to be end-to-end anastomosed to the 
host artery. To design an end-to-side anastomosed graft, another criterion that best 
describes a reduced stress at the anastomotic sites should be considered. The local pick of 
stresses due to the suture wires is not taken into account. Because the thickness of the 
graft is almost the same as the host artery, this effect is supposed to be small at least in 
the radial direction. Moreover, the healing of the arterial tissue will create a continuous 
connection between the graft and the host artery that will progressively remove the load 
from the suture lines. The junction between the graft and the host artery may also be 
assured using glue or compliant stents to avoid the use of suture wires. In some cases (in 
the human model studied for instance), the thickness is too great and a stiffer material 
that will reduce the thickness should be considered to fabricate a suitable graft.  
The mechanical approaches to studying the IH focus on the local wall stress 
distribution at the anastomotic sites typically uses finite element analysis [2, 5, 20, 29, 35, 
39]. The finite element method allows one to define a precise geometry of the 
anastomotic sites [29, 39]. However, the non-linear behavior of the materials is often 
linearized to suit for solving with this approach [2, 29, 35, 39]. The suture wires’ local 
stresses are rarely investigated [2], because the models become too complex. In any case, 
the model is difficult to set-up and needs simplifications to solve for both non-linear 
geometry and physics. Few groups [35, 51] propose a procedure to design a mechanics 
matching graft. They relate that their prostheses are still mechanically incompatible. 
 
Selection of a graft 
Design outcomes were found for both canine carotid and human coronary host 
arteries. The design outcomes for the canine arteries give thin wall grafts that can be 
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easily manufactured. A set of 6 grafts was built to cover the possible range of variation of 
the canine carotid host artery parameters. 
Design outcomes were found for other arteries (small and large), but were not 
reported in this work. The host artery parameters must be measured on each patient to be 
able to select a patient specific graft. Today, the non-invasive measurement of the axial 
force is difficult. Hopefully, the design outcomes are almost not sensitive to the axial 
force parameter of the host artery, so that its value can be taken from the literature. 
Therefore, the host artery inner diameter at the diastolic, systolic and mean pressure and 
those respective pressures are sufficient to select a graft that best fits a patient. To be sure 
to find a graft that suits a given canine carotid host artery with an error less than 10% for 
both the diameter and compliance, a set of 21 grafts (3 different diameters and 7 different 
compliances) should be fabricated. Each time the error is reduced by two, the number of 
grafts increases by four. The success of finding a graft to best fit one individual 
determines the number of different grafts fabricated. 
Current grafts are selected only to fit the mean diameter of the host artery [48]. 




The experimental setup is the traditional “pressure-outer diameter” video measurement. It 
takes an important place in the design and validation of a mechanics matching graft. The 
local measurement of the outer diameter with a high resolution CCD camera remains the 
easiest setup to measure the pressure diameter relationship. The sensitivity obtained with 
the video measurement system was about 21.74 10 /mm pixel−⋅ . The pressure resolution 
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was about 1 mmHg. The temperature of the bath containing the graft is set to 37°C before 
the first measurement. Longitudinal and radial marks are made before mounting the graft 
on the cannulas to verify the non-deformed state before inflation. 
Data recorded with this experimental setup can be used to identify the SEF of 
materials which depends only on the first strain invariant, like elastomers (Polyurethanes, 
Silicon, PVA hydrogel) [3, 62]. To identify the SEF of more complex materials, the 
instrument should impose torsion on the sample in addition to stretching and inflation as 
described by Yang [59]. The limitations of the measurement were due to the roughness, 
and imperfections of the material, and the water environment. The data processing was 
time consuming because the acquisition was not automated. An automated digital image 
processing software (Montivision) was tried but produced data with noise due to the 
water environment. No control loop is used to keep the temperature constant at 37°C. At 
the end of the experiments the temperature is about 25°C (room temperature). However, 
the small Standard Deviations of the measurements indicate that the hydrogel is not 
subjected to large structural modifications between 25°C and 37°C. In any experimental 
setup, the sample placement is the key factor to make relevant measurements. A twisting 
or stretching of the tube during its placement might cause an undesired tube deformation. 
The longitudinal and radial marks allow the initial configuration of the sample to be 
checked before performing the inflation test. 
Other measurement techniques (ultrasound, volume change measurement) [18, 6] 
are able to measure the inner and outer diameter at the same time. The advantage of these 
techniques is to give information about the compressibility of the material. In many 
cases, this information is not sought because the material considered is incompressible. In 
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this work, the incompressibility assumption of the material is reasonable because of the 
high water composition (>90%) of PVA hydrogel used. Then, the inner diameter is 
calculated assuming this incompressibility. The resolution of other measurement 
techniques (about 0.01 mm for an ultrasound system) is not higher than the video 
measurement with a high resolution CCD camera (about 0.017 mm) and is often more 
complicated to setup. The “change of volume” measurements are less accurate because 
they measure the diameter along the graft which is not a perfect cylinder during the 
inflation. 
 
4.4 Need for in vivo test of IH 
A set of grafts optimized for the canine carotid should be fabricated in order to 
test the hypothesis of this project in a canine model. By fabricating 21 grafts (equally 
distributed within the proposed range of fabrication), we should find always a graft with a 
misfit less than 10%. By implanting the best fitted graft at one carotid and a 
commercially available synthetic graft (control) at the other carotid, the patency of the 
graft could be compared. A graft with only a misfit of 10% should greatly increase its 
patency, because there is almost a linear correlation between the compliance mismatch 
and the low patency rate that is hypothesized [48]. 
Currently, ChronoFlex™ (segmented polyurethane) vascular grafts are human 
synthetic CABGs in development. Seven graft sizes were proposed as shown in Fig. 5.1. 
ChronoFlex vascular grafts (5 mm ID) were tested in animals. The grafts were implanted 
in dogs in a bilateral abdominal aorta to iliac artery position [52]. The error in the 
diameter was about 2.4% and 47% and the error in the functional stiffness about 38% and 
77% when respectively compared to the canine lower abdominal aorta and external iliac. 
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Even if these errors are high, the patency of the graft was followed up over a period of 36 
months. Therefore, a mechanics matching graft with a misfit of less than 10% (our case) 
















Canine low abdominal aorta (d=4.88mm; Ep=353kPa)
Canine external iliac artery (d=2.65mm; Ep=962kPa)
 
Figure 4.2: Functional stiffness of different types of 
ChronoFlex grafts and canine low abdominal aorta and 




4.5 Clinical advantage 
The clinical advantages are the following: 
i. In optimistic expectations, the patency lifespan could be highly increased and could 
benefit the patient, 
ii. The use of elastic materials gives better pulsatility than current SVG, 
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iii. The grafts are easy to manufacture when compared to other attempts to build 
compliant grafts, 
iv. The grafts are off-the shelf. 
 
4.6 Conclusions and recommendations 
The hypothesis of this thesis is that a mechanics matching plus biocompatibility, 
hydrophilicity, and geometric matching can be designed and fabricated. It was shown that 
we can design and fabricate a mechanics matching graft according our criteria. The graft 
might be made of any material whose SEF is known or can be determined. This includes 
biomaterials such as elastomers (Polyuréthanes, Silicon, PVA hydrogel) or other rubber-
like materials. PVA hydrogel was selected because its biocompatibility, non-
thrombogenicity, elastic properties and flexibility in composition and processing are 
advantageous for vascular graft development. A prototype small diameter graft was 
fabricated to fit a given carotid host artery. The mechanical response of the prototype was 
close to its theoretical prediction and its strength withstands physiological pressure. 
Therefore, the overall process of design, fabrication, and selection of a mechanics 
matching graft appears to be robust and reliable. The mechanical matching grafts could 
reduce the intimal hyperplasia at the anastomic sites and enhance life of patients in the 
immediate future. 
First, the expected long term patency of these mechanics matching grafts should 
be verified. Several graft prototypes should be tested in a canine model for thrombosis 
and intimal hyperplasia development. The overall procedure could be tested by 
fabricating a set of 21 canine carotid grafts, measuring the canine carotid artery by the 
non invasive technique, and selecting the prototype that best fit the dog. The echotracking 
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measurement technique is able to measure the thickness of the artery. A range of 
materials with different stiffness could be fabricated to give the choice of the thickness of 
the graft. The graft that best fits one given artery is then the one that minimizes the error 
between the diameter, compliance, and thickness between the host artery and the graft. A 
thickness matching may reduce any post operative stresses due to the suture wires. 
Finally, another criterion to relate the mechanical equivalency of a graft end-to-
side anastomosed to the host artery could be investigated. The set of 21 grafts is 
optimized for a canine model to select a graft with less than 10% misfit. This can not be 
transposed to the human model. More data on human coronary arteries should be 
collected to determine the range of fabrication parameters to be able to select an 
individual human coronary graft with a reduced misfit (<10%). The design optimization 
could be adapted to an end-to-side anastomosed graft. The mechanics matching criterion 
must then be changed. It is possible to predict the axisymetric deformation of a circular 
(elliptical) aperture in the wall of a cylinder by knowing its cross-sectional deformation. 
Therefore from the pressure- outer diameter relation of one given host artery, the 
geometrical dimensions and compliance of the circular aperture in the wall is deduced. 
The resulting diameter at mean pressure and compliance at mean pressure of the circular 
aperture constitute the new criteria. Then, the design optimization follows what has been 










# Units # 
##################################################################### 
# Pressure in [mmHg] 
# Material constant a in [-] 
# Material constant c in [kPa] 
# Dimensions in [mm] 
# Stresses in [kPa] 
# Ep in [kPa] 
# Fz in [g] 
##################################################################### 
# Inputs/Outputs # 
##################################################################### 
 
#Input: Pressure, Initial load and geometry, Material constant 





































































#Deformed circumferential stretch numerical solving 
l1:=lambda1: 
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# Units # 
##################################################################### 
# Pressure in [mmHg] 
# Material constant a in [-] 
# Material constant c in [kPa] 
# Dimensions in [mm] 
# s1,s2 in [kPa] 
# Epam in [kPa] 
# Fam in [10xg] 
 
##################################################################### 
# Inputs/Outputs # 
##################################################################### 
 
#Input: Host artery parameters 
#Output: Fabrications parameters 
 
##################################################################### 
# Host artery parameters # 
##################################################################### 
 
#Mean Pressure [mmHg] 
Pm:=100: 
 
#Inner radius @ mean pressure [mm] 
riam:=4.114991320/2: 
 
#Perterson modulus @ mean pressure [kPa] 
Epam:=66.98591321: 
 
















































#Numerical solving of the system of equations (Eqs. eq1-eq4) 
sols:=fsolve({eq1,eq2,eq3,eq4},{l1=0.8..1.2,l2=0.8..1.2,H=0.1..8,Ri=1..15}): 
 
#Save and display results 
















# Input/Output # 
##################################################################### 
 
#Input: Individual measurements 






























# Units # 
##################################################################### 
# Pressure in [mmHg] 
# Material constant a in [-] 
# Material constant c in [kPa] 
# H, Ri in [mm] 
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# s1, s2 in [kPa] 
# Ep in [kPa] 
# Fz in [g] 
 
##################################################################### 
# Individual Parameters Calculation # 
##################################################################### 
 


















































































#Find the minimum between all e[i] 





for i from 1 to n do 





#Replace the indice of the best value by good  
for i from 1 to number do 
if e[i]=minimum(e,number) then good:=i fi: 
od: 
 




t:=[textplot([diam,Eap,`HA`],align={ABOVE,RIGHT},font=[HELVETICA, BOLD, 8], 
color=COLOR(RGB,0,0,0))]: 
 
for g from 1 to number do 
  MG(g):=cat( "MG", g): 
  
p:=[op(p),pointplot([di(g),Ep(g)],legend=MG(g),color=COLOR(HUE,g/number),symbol
=box,         symbolsize=12)]: 
  t:=[op(t),textplot([di(g),Ep(g),MG(g)],align={ABOVE,RIGHT},font=[HELVETICA, 
OBLIQUE, 8],         color=COLOR(HUE,g/number))]: 
  points:=op(p); 
  texts:=op(t); 
od: 
Titre:=cat("MGs and individual HA @", Pressure, "[mmHg]"): 
display({points,texts},title=Titre,labels=[`di [mm]`,`Ep [mmHg]`], 
labeldirections=[HORIZONTAL,VERTICAL]); 
 
#Give the best graft in a sentence 
cat(`The optimal graft for this patient is the Manufacture Graft # `,good, `, labelled :`); 
[Ri(good),Ep100(good)]; 
 
#Calculate the Geometrical and Compliance Mismatch 
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